Abstract-Radio-frequency ablation (RFA) is an effective minimally invasive treatment for tumors. One primary source of difficulty is monitoring and controlling the ablation region. Currently, RFA is performed at 460 kHz, for which magnetic resonance imaging (MRI) could play a role given its capability for temperature monitoring and tumor visualization. If instead the ablation were to be performed at the MRI Larmor frequency, then the MR capability for field mapping could be used to directly visualize the radio-frequency (RF) fields created by the ablation currents. Visualizing the RF fields may enable better control of the ablation currents, enabling better control of lesion shape and size and improving repeatability. We demonstrate the feasibility of performing RFAs at 64 MHz and show preliminary results from imaging the RF fields from the ablation. The post-ablation RF fields show an increase in current density in the ablated region, consistent with an increase in conductivity of the ablated tissue.
I. INTRODUCTION
R ADIO-FREQUENCY ablation (RFA) is an effective, image-guided, minimally invasive therapeutic alternative to surgical treatment of cancer tumors. RFA is a well accepted form of therapy, in particular for treatment of nonresectable liver tumors [1] - [8] . However, control of the ablation volume is still challenging. Local charring acts as an insulator, causing unpredictable changes in radio-frequency (RF) current deposition and hence unpredictable ablations. Destruction of large tumors is difficult, especially if 0.5-1 cm margins are to be achieved. Typically, RF electrodes can ablate a 5-cm-diameter volume in about 20 min; hence, for a 1 cm margin, only tumors 3 cm or smaller can be ablated in a single treatment. Existing needle placement planning simplistically assumes spherically shaped and overlapped ablations [9] , [10] that cannot account for local anatomy, the impact of changes in the conductivity of ablated tissue on the next ablation, deployment failures of electrode tines, and the actual irregular ablated volume. The ability to better predict ablation shapes could allow large treatment regions with fewer overlapping ablations. RFAs use 460 kHz RF currents as high as 0.5-2 A for durations up to 20 min. The current is delivered to the tissue via an electrode and returned by up to four ground pads, each typically 10 10 cm and placed on the thighs [11] . RF current deposits extremely high power (SAR) in tissue near the electrode, creating an outward flowing heat source. The tissue current density (1) is comprised of conduction and displacement components, where is conductivity, is permittivity, and is electric field. The current introduces a power density term to the bio-heat equation modeling temperature (2) Here, is tissue density, is specific heat, is thermal conductivity, and models perfusion of blood at temperature . A metabolic heat term is omitted. As ablation progresses, tissue conductivity and perfusion change, altering current and power deposition, to create a highly nonlinear heating process. Above 45 , intracellular protein denaturation and melting of lipid bilayers occurs, resulting in cell death [12] . Initially, tissue exhibits a 2%/ decrease in resistance with heating [13] ,with the rate of change decreasing as tissue denatures. When critical temperatures are reached, impedance rises dramatically. Ablated tissue has been shown to have a permanent increase in conductivity separate from the temperature dependent conductivity changes [14] , [15] .
To achieve cell death, temperatures must exceed 50 to 60 over the target volume. To increase necrotic volume, modern systems incorporate multitine adjustable clusters [16] , saline infused liquid electrodes [3] , [5] , [9] , [17] , [18] , and bipolar or multipolar electrodes [19] - [21] . Even ground pad location influences lesion shape [22] , [23] . Complex electrode geometries create the possibility of more complex current distributions in the electrode and therefore in the surrounding tissue, affecting the ablation lesion volume and shape. Due to the variety of tissue morphology and conductivity, the current pathways are difficult to predict and will vary from subject to subject. Fig. 1 . Overview of ablation system. Matlab controls the ablation process through a Medusa console. The console provides the RF signal for ablation and receives the feedback signal for impedance measurement. A voltage and current coupler measures the waveforms at the output of the power amplifier, which is translated into sample impedance measurements accounting for the length of transmission line. A Luxtron fiber-optic thermometer provides temperature readings to the Matlab control system. Even now, magnetic resonance imaging (MRI) could play several major roles during an RFA treatment. Pretreatment, MRI can be used to visualize tumors and real-time MRI could guide electrode placement to the desired location. During treatment, MRI could image temperature distribution using PRF thermometry [24] - [26] . Additionally, ablated tissue exhibits changes in and relaxation times [27] that could identify the ablated volume.
Traditionally, RFA is performed at 460 kHz. If ablations were instead performed at the Larmor frequency of an MRI scanner, the spatially distributed magnetic fields created by the RF current would also excite magnetization. By using mapping techniques such as actual flip-angle imaging (AFI) [28] , the Double Angle Method [29] , or Bloch-Siegert [30] , MRI can produce images of these magnetic fields and provide information about the distribution of the currents. By Ampère's Law, the total current density generates an associated magnetic field (3) of which the left circularly polarized transverse component, , excites spins. Even if ablation were performed at the typical 460 kHz, the near-field distribution of current at the Larmor frequency will be very similar to the ablation current distribution. The addition of RF magnetic field mapping with MRI to an RFA treatment has the potential to show the distribution of ablation currents, indicating where ablation will occur. This could add predictive power to interventional MRI for RFA treatments.
We have designed a prototype 64 MHz RFA system incorporated into a GE Signa 1.5T MRI system using our existing low cost platform for imaging [31] , [32] . The ablation process is monitored with real-time temperature and impedance measurements as well as MRI temperature maps. The ablation electrode provides the excitation field in imaging sequences as well as the ablation current. The magnetic fields from the ablation currents before and after the ablation procedure are imaged using the AFI sequence [28] . The field patterns after ablation differ from the pre-ablation fields, showing that the conductivity changes from ablation affect the current pathways. Incorporating magnetic field mapping has the potential to add predictive information to RFA procedures and combines well with other potential MRI techniques for RFA visualization.
II. METHODS

A. 64 MHz Ablation System
The 64 MHz ablation system (Fig. 1 ) used a Medusa console [31] to provide and control the RF signal and a Luxtron m3300 Biomedical Lab Kit from LumaSense (Santa Clara, CA) to monitor temperature. A custom program written in Matlab (MathWorks, Natick, MA) used a GUI to display the ablation and temperature data and to allow the user to control the ablation power accordingly.
The Medusa console provided a low power 64 MHz RF signal which was amplified with a Hewlett Packard (Palo Alto, CA) 8447F OPT H64 amplifier and a 300 W power amplifier built from a Communications Concepts (Beavercreek, OH) AN779H driver and AR313 power stage. An RF Lambda RFLC-HXD-7 circulator at the output of the power amplifier provided protection in case of high power signal reflections. Between the amplifiers, a vector modulator [32] , controlled by Medusa, shaped and scaled the RF waveform while creating gating signals. One gating signal was used to control the power amplifier, and one controlled the coaxial relay used for impedance measurements.
Impedance measurements were calculated from voltage and current readings using an in-line voltage and current coupler [33] . The S-parameters of the coupler were measured to provide accurate calibration of the voltage and current readings. The signals from the voltage and current ports were combined into a single signal line using a Mini-Circuits (Brooklyn, NY) ZX80-DR230-S+ SPDT RF switch, which was controlled by a gating signal from the vector modulator. 19 dB of attenuation was applied to each signal to limit the power through the relay. The resulting signal was recorded using the receive port of Medusa and sent to the Matlab program for processing. Before ablation, the electrical length of the transmission line from the voltage and current coupler to the ablation electrode was measured using an Advantest (Santa Clara, CA) R3753AH 5 Hz-500 MHz network analyzer. The transmission line length was used to translate the current and voltage readings at the coupler into the input impedance of the ablation electrode in the tissue. Real-time temperature readings were obtained with the Luxtron thermometer. Its fiber optic temperature probe is MR compatible, safe, and accurate under the strong RF fields created by the ablation. The temperature was monitored by the Matlab program and displayed to the user along with the impedance measurements.
An ex vivo porcine sample was used as the ablation phantom (Fig. 2) . The sample was immersed in saline solution to ensure good electrical contact with the electrodes and to help prevent extreme desiccation of the tissue. A saline concentration of 50 mM NaCl was chosen to achieve a conductivity of about 0.5 S/m, which is typical of the conductivity of tissue at 64 MHz [34] . The solution was doped with 3 mM to shorten to reasonable biological values, on the order of 500 ms [35] .
The bipolar ablation electrode consisted of two 18 gauge stranded copper wires. The wires were held at a 0.5 in separation at the surface of the sample with a plastic guide. The uninsulated, active portion of the electrodes was 1 in long. The fiber optic thermometer probe was inserted next to one of the electrode leads. The exact placement of the electrode is inconsistent due to the depth of the ablation electrodes, so the temperature readings are used as an indication of ablation process and not as an absolute measurement.
B. RF Magnetic Field Imaging
RF field images were acquired using a 1.5T Signa GE MRI scanner using a 3-in-diameter surface coil for receive. The RF excitation field was generated by the currents from the ablation electrodes. The ablation hardware was inserted into the RF transmit chain of the Signa imaging system (Fig. 3) . Signa provided the small signal RF and a trigger signal to the Medusa console. A 2 ms hard pulse from the Signa system was shaped by the vector modulator to make a 1 ms hard pulse with 80 ramp times. Four different signal amplitudes were applied by the vector modulators to achieve RF field magnitudes of 1/8, 1/4, 1/2, and full amplitude. The signal amplitudes were calibrated to account for amplifier nonlinearity by measuring a look-up-table of amplifier performance with the phantom load before the experiment. The transmit signal was monitored with the voltage and current coupler using the receive port of Medusa to monitor any residual nonlinearity in the transmit magnitudes.
RF field maps were acquired using the AFI mapping sequence [28] both before and after the ablation. The AFI Fig. 3 . Imaging configuration of the ablation system. GE Signa provides the small signal RF to the ablation system, which then shapes and scales the waveform. Signa controls the gradients and processes the RF receive signal.
sequence was chosen over alternative mapping techniques such as the Double-Angle method [29] or Bloch-Siegert [30] due to its speed and suitability for volumetric acquisitions. Volumetric acquisitions were necessary to capture the full variation in surrounding the electrodes. Additionally, a slice selective pulse is not suitable because the slice profile would vary due to the large variation in amplitudes. Both coronal and sagittal orientations were acquired. Coronal slices had the electrodes running through the imaging plane, while central sagittal slices contained the length of both electrodes. The field of view was 6.4 cm in each direction, with 1 mm in-plane resolution and 4 mm slice thickness. The AFI sequence had ms, ratio , ms, and an imaging bandwidth of 15.63 kHz. RF and gradient spoiling were applied as described by Yarnykh [36] , using the optimal RF spoiling seed of 36 . Spoiling gradients of 40 mT/m were applied on each of the three gradient axes for a duration of 5 ms, creating total spoiling gradient areas of . The scan time at each transmit magnitude was 3:50.
The maps for each transmit magnitude were separately reconstructed. The individual maps were then combined on a voxel-by-voxel basis. The raw images were windowed to remove low-signal areas where noise would dominate the reconstruction. Large flip angles are subject to reconstruction bias in the AFI sequence due to bias [28] and incomplete spoiling of transverse magnetization [36] , so data with reconstructed flip angles over 80 was disregarded. Expected flip angles for the larger magnitude data sets were estimated using the smaller magnitude data sets to prevent aliasing from flip angles significantly over 90 . The data sets with flip angles under 80 were then scaled to the equivalent flip angle for the full scale using the measured ratios of transmit amplitudes. The scaled flip angles were combined with a weighted average based on the image magnitude during , giving more weight to flip angles with higher SNR. Finally, the flip angle was converted to magnetic field magnitude in Gauss based on the area of the transmit pulse.
C. Temperature Imaging
Temperature images were acquired using the proton resonant frequency shift [24] . The body coil provided the RF excitation to ensure that phase changes were due to heating and not due to altered transmit phase from changed current pathways. mapping preceded and followed the ablation procedure, taking 32 min to acquire four transmit amplitudes in both sagittal and coronal orientations. During the 20-min ablation, the power deposition was stopped periodically to acquire a temperature image, as indicated with grey bars on the diagram. After ablation, the phantom was allowed to cool for 25 min while acquiring temperature images. The time scale for the overall procedure is compressed by a factor of five compared to the ablation and cooling time scales.
GRE phase images were compared to a reference phase image acquired before ablation. A single slice acquisition was used to minimize the time during which ablation needed to be suspended. The temperature maps had a field of view of 6.4 cm with 1 mm resolution and 4 mm slice thickness to match the maps. The sequence had ms, ms, flip angle , and imaging bandwidth , with a total scan time of 4 s. The same 3-in-diameter surface coil from mapping was used for receive. The copper material of the electrodes, with a magnetic susceptibility similar to that of tissue [37] , meant that susceptibility artifacts from the electrodes were not a concern.
D. Ablation Procedure
The timing of the ablation procedure is shown in Fig. 4 . Initially, pre-ablation coronal and sagittal maps were acquired with four different transmit amplitudes. A central sagittal slice that contained the majority of the electrodes' length was selected for temperature imaging and a reference GRE image of that slice was acquired. The ablation started at a very low power level and the power was slowly increased. The active power deposition had a duty cycle of 28%. Temperature images were acquired periodically throughout the ablation to monitor its process, with the timing of the images indicated in Fig. 4 . The power deposition was paused during temperature imaging to prevent RF interference with the imaging. Ablation proceeded until temperature images showed a significant area over 50 for over 2 min to ensure successful necrosis. After ablation, the sample was allowed to cool with periodic temperature imaging. Once the temperature stabilized and temperature maps showed it to be largely uniform throughout the phantom, post-ablation maps were acquired.
III. RESULTS
A. Ablation Procedure
The ablation process took a total of 21 min to complete. The ablation current level was estimated to be about 60 mA. This estimate was derived from the forward transmit power level during ablation, which was 64% higher than the maximum level used for imaging. The imaging current level was estimated by comparing the observed fields to simulations, as discussed below. The current level is significantly lower than the level required in clinical ablations due to the small size of the sample and the lack of cooling due to perfusion.
The impedance and temperature readings during the ablation are shown in Fig. 5 . The first 2 min of the procedure did not show much change in either impedance or temperature as the power level was slowly increased. As the power level was increased enough to cause significant heating, the resistance began to decrease. The reactance mirrored the resistance change and became more positive (inductive) with the temperature increase.
After 5 min, the ablation power level was lowered for 4 min, testing the direct relationship between temperature and impedance. The lack of heating lead to a decrease in temperature and a corresponding increase in resistance and decrease in reactance. After the power was increased again at 9 min, the temperature again increased with corresponding impedance changes.
The impedance measurements were linearly interpolated to the time points of the temperature measurements to allow for direct comparison [ Fig. 5(c) ]. The resistance increased with temperature, at a rate that slowed as temperature increased. The temperatures that were observed multiple times, during the initial heating, the low-power cooling cycle, and the final heating, had largely consistent impedance measurements, indicating that the impedance changes seen here were primarily due to the temperature change, not changes in tissue structure. The deviation from a strict relationship between temperature and impedance may be due to the fact that the temperature readings are only taken at a single point, or it may indicate some permanent impedance changes due to tissue necrosis.
At 460 kHz, tissue conductivity has been observed to increase by 2%/ for heating below the point of coagulation necrosis [13] . The temperature coefficient in our experiment cannot be directly quantified due to the uneven nature of the heating. Using the single-point measurement of the temperature probe, the observed resistance decreased at approximately 0.4%/ until 50 , after which it approached an asymptote. While we cannot make a numeric comparison, the shape of the resistance response matches the known response at 460 kHz.
B. Temperature Maps
The temperature maps (Fig. 6) were taken on the sagittal slice that incorporated most of the electrodes. The temperature rise originated at the electrodes where the current density in the tissue was strongest. While there were strong magnetic fields seen in the insulated (anterior) portion of the electrodes (seen in Fig. 9 ), there was no heating observed there, indicating that the currents were well contained within the electrodes and did not enter the tissue.
There were some artifacts in the temperature maps, particularly around the inferior electrode that were likely due to movement between the reference image and the subsequent temperature maps. The movement was probably due to tissue contraction as it desiccated during heating. There was a phase shift across the electrodes in the raw images, so a shift in the electrode location would cause a significant artifact in the phasebased temperature maps. Artifacts like these might be avoided by using referenceless thermometry [38] .
C. RF Magnetic Field Maps
The current density was most concentrated at the electrodes, so the RF field maps were dominated by the fields associated with that current. To estimate the current in the electrodes, we performed a 2-D simulation with through-plane current-carrying wires. The pre-ablation simulated and experimental RF field distributions are shown in Fig. 7 . The fields are strongest near the wires and decrease with distance. The null field regions extending from the wires are due to the orientation of the magnetic field along . The fields that are aligned with the main magnetic field cannot be visualized with mapping because they do not excite magnetization.
The wire locations and current levels for the simulation were chosen to minimize the difference between the simulated fields and the experimental field maps. Different current levels and wire locations were used for the before and after ablation simulations to account for slight wire movement and changed current levels. The most anterior slice within the phantom was used to estimate the total current in the electrodes, as the current had not departed into the tissue yet at that location.
The post-ablation calculations show approximately 6% stronger current than the pre-ablation simulation (38.7 and 36.2 mA, respectively). To evaluate the accuracy of these estimates, we ran additional simulations with a 5% positive or negative change to the current level [ Fig. 7(d) and (e)]. The increased and decreased current level simulations showed observably stronger and weaker fields, respectively, than the experimental fields, indicating that the current level estimates are accurate to within 5%. Measurements from the current port of the coupler during imaging showed a 3% increase in current for the post-ablation images. Due to the approximate nature of the image-based current estimates, these changes are in good agreement.
A comparison of different coronal slices (Fig. 8) shows that the current level in the electrodes decreased along their length in the posterior direction as the current departed the electrode and entered the tissue. The diminishing fields along the length of the electrodes are also observed in the sagittal field maps (Fig. 9) . The distance between the two electrodes' locations, as indicated by the strongest fields, decreased after the ablation. This was likely caused by shrinking of the ablated tissue drawing the electrodes closer together.
The sagittal maps are presented as maximum intensity projections (MIPs) (Fig. 9) because the electrodes were not contained entirely within one slice. The fields are strongest in the immediate vicinity of the electrodes, so selecting the slice with the strongest field for a given location will select the slice that is closest to the electrode for that location. MIPs are used instead of acquiring projection images because the partial volume Fig. 7 . Comparison of observed (a) and simulated (b) RF fields in a coronal slice, pre-ablation. The simulated fields assume all of the fields are due to two wires carrying opposing through-plane current. The null field regions near the wires are due to the field orientation along , which cannot be imaged. The experimental data matches well with the simulation, as seen by the difference between the two images (c). The low field regions show strong differences between the experiment and simulation due to partial volume effects and the inaccuracy of AFI at low flip angles. Increasing (d) or decreasing (e) the estimated current by 5% shows a clear increase in the difference between simulation and experiment, establishing a lower bound on the accuracy of the current estimate. To quantify this difference, the mean difference between the simulated and the measured was calculated in a central region, selected to avoid partial volume effects in the rapidly varying regions while maintaining large signal levels. In the slice shown, the estimated current level creates simulated fields very similar to the measured fields, different by an average of 1 mG (c). Increasing (d) or decreasing (e) the simulated current level by 5% creates a significantly larger difference between the simulated and the measured fields, indicating that the error bound on the current level estimate is less than 5%. effects due to variations in field strength make mapping unsuitable for a projection acquisition. The fields were strongest at locations closest to the electrodes, so the MIP effectively shows an oblique slice that contains the electrodes.
All of the post-ablation maps showed greater field strength, indicating higher current levels, consistent with the measurements taken from the current port of the coupler. The current increase was both a global and a local phenomenon.
The global increase in current can be explained by the increased temperature of the phantom after ablation. While time was allowed for cooling of the phantom after the ablation before imaging, the final temperature was higher than the initial temperature due to overall heating of the sample. The final temperature was close to uniform as seen in the temperature maps (Fig. 6 ). This higher uniform temperature would be expected to cause a homogenous increase in conductivity of the phantom, leading to higher currents at the same forward transmit power.
The local changes in field pattern indicate a change in current pathways. Subtracting the pre-ablation fields from the post-ablation fields shows the regions where the field patterns changed due to the ablation (Fig. 10) . Taking the difference without accounting for the overall change in current magnitude primarily shows the increase in field strength due to the increased overall current, obscuring the change in field shape. To compensate for this, we scaled the fields proportionally to the level of current determined by the simulation comparison. After this scaling, the anterior slice [ Fig. 10(b) ], where the electrodes were insulated, shows no change in field pattern, while the other slices, where the electrodes were active, show stronger residual fields between the electrodes. The effect is stronger in the central slice [ Fig. 10(d) ] where the fields are stronger than the posterior slice [ Fig. 10(f) ]. The local field enhancement indicates a higher local current density.
The change in current distribution along the length of the electrodes can be seen by examining the ratio of the post-ablation field map to the pre-ablation map (Fig. 11) . There are stronger fields post-ablation in the entire region between the electrodes, but it is concentrated primarily posteriorly. This is the region that was ablated, as indicated by the temperature maps in Fig. 6 . Previous studies at 460 kHz [14] and between 10 Hz and 1 MHz [15] have shown increased tissue conductivity after ablation due to tissue structure changes. Increased conductivity and therefore current in the ablated region would create the observed localized increase in the magnetic field.
Observation of the exact geometry of the changes in the magnetic field is confounded by the movement of the electrodes. The ablated tissue contracted, drawing the electrodes closer together. This made the fields outside the electrodes, in the direction away from the movement, appear weaker because the same region was then more distant from the electrode. The lower exterior fields are more apparent on the inferior electrode due to the greater movement of this electrode. The decreased fields exterior to the electrodes may also be caused by the concentration of currents between the electrodes, leading to decreased currents in the exterior. MIPs to the pre-ablation maps. Red tint, seen primarily between the electrodes, indicates stronger fields post-ablation, while blue tint, observed inferior to the inferior electrode, indicates a decrease in field strength. The larger overall field strength indicates higher current levels overall, while the concentration of the stronger fields to the posterior indicates that the currents were more concentrated there. This is consistent with increased conductivity in the ablated region. The region between the electrodes shows an increase in field strength post-ablation, whereas the region exterior to the electrodes shows a decrease in field strength. The large observed ratio at the periphery of the sample is due to domination of noise over the low fields.
IV. DISCUSSION
RF ablation at 64 MHz can be integrated with 1.5T interventional MRI, allowing direct imaging of the magnetic fields from the ablation current. Lower field strengths common in interventional settings would have ablation currents nearer to the typical RFA frequency of 460 kHz, but would suffer from lower SNR. Ablation at 64 MHz appears to have many of the same properties as ablation at the typical frequency of 460 kHz, including increased conductivity of ablated tissue. The impedance changes with heating and ablation at 64 MHz are not well studied but seem to act in a similar manner as during ablation at 460 kHz. Performing the ablation at the Larmor frequency could allow magnetic field mapping to be added to MRI monitoring of RF ablations without significant detriment to the efficacy of the ablation.
Greater knowledge of the current distribution during RFA could lead to more robust treatments, predicting incomplete ablations and potentially allowing larger ablated regions or tailored geometries through real-time switching of current pathways. Field mapping of the ablation current shows clear changes in the current carried on each lead, and could even serve as a valuable design tool to improve electrode design. Experimentally quantifying the device behavior will show where the greatest concentrations of current enter the tissue for a given device geometry. For multi-tined and multi-polar ablation electrodes, more control becomes feasible. With a multipolar electrode, power could be diverted to leads that have lower current to provide more even heating. Field mapping could help predict unsafe levels of current concentrated near ground pads, helping to prevent ground pad burns, particularly as ablation power levels increase.
Potentially, RF current density imaging (RFCDI) [39] - [43] could be used to directly visualize the RF ablating current in the tissue. For a full volumetric vector reconstruction, RFCDI requires all three components of the magnetic field, including the field parallel to . Acquiring this extra field component requires rotating the subject [41] , [44] but could potentially be estimated without any subject rotations [45] . The necessary SNR is difficult to achieve due to the low fields produced by the distributed current density and the overwhelming fields from the currents in the electrodes. Indeed, the high current and power density at the electrode suggest that field mapping the electrode current alone and inferring the orthogonal leakage current by Kirchoff's current law could suffice. The imaging region and time could then be reduced to a few slices sufficient to cover the deployed extent of the electrode and shaft.
The current levels used for imaging are within an order of magnitude of the ablation currents used here, and the duty cycle was only 28%. By utilizing a high duty-cycle imaging sequence like AFI, it may be possible to incorporate the imaging currents into the ablation. An in vivo ablation will likely require higher currents due to active cooling through perfusion. While the imaging currents alone will likely not provide enough power for effective ablation, currents at frequencies a few megahertz away from the Larmor frequency could provide part of the power deposition. These currents would follow the same current pathways but not excite magnetization. They could be followed by a brief Larmor frequency excitation which would excite the magnetization. As long as the duty cycle of power deposition is low enough to allow for gradient readouts, it would be possible to image and ablate simultaneously.
The mapping sequence will need to be faster to be practical in a clinical setting. Even for the simple electrode geometry used here, the large dynamic range of presents challenges for using slice selective mapping. Slice profiles in the vicinity of the electrodes will be distorted due to the very large fields violating the small tip angle approximation, hampering accurate mapping. The field strength 1 mm from the electrode will be about 10 times larger than at a 1 cm distance. AFI can image flip angles from approximately 30 to 90 , achieving nearly a factor of 3 range in values. This will require at least two acquisitions with different transmit current magnitudes just to cover this local region, with more transmit magnitudes required to extend the imaging region. Reconstruction of data sets with multiple magnitudes is more reliable if the dynamic ranges of subsequent images overlap. Scaling the current magnitude by a factor of 2 for each acquisition is a reasonable compromise between speed and accuracy, requiring four separate acquisitions to cover the full range of in the vicinity of the electrodes. Using an adiabatic partial passage pulse [46] in the AFI sequence will allow coverage of this entire range if the pulse is suitably tuned to the expected field amplitudes.
Standard MRI acceleration techniques could also be used. We used a simple 2-DFT readout. Using EPI, spiral, or other fast -space acquisition strategies will reduce the number of sequence repetitions greatly. The amount of readout acceleration is limited by the TR length of the AFI sequence and the need for long spoiling gradients, but significant speed up is still possible with the TR length used here. Compressed sensing [47] could also reduce the number of TRs needed. Parallel imaging [48] , [49] is less likely to be useful due to the limited field of view.
At current acquisition times, mapping of the fields from ablation electrodes could still be useful outside of clinical settings. Phantom experiments could provide a great deal of information about the current distribution of various electrode geometries, providing a useful design analysis tool. The potential to apply parallel transmit techniques [50] with a multipolar electrode to tailor the lesion shape could be explored ex vivo, helping to design electrodes for particular lesion geometries.
Monitoring RFA with temperature and mapping in vivo will entail further considerations beyond acquisition time. Most studies that examine the thermal dependence of the electrical properties of tissues use ex vivo tissue. While tissue conductivity has been observed to change after excision [51] , the trend of an increase in conductivity as the tissue is heated has been commonly observed in vivo [6] , [52] - [54] . The observed persistent increase in conductivity after cooling ex vivo may or may not occur in vivo.
Tissue movement due to tissue desiccation was a significant source of artifacts in this ex vivo experiment. While less desiccation would be expected in vivo due to perfusion from the surrounding tissue, more overall movement would be expected. This would require modification of the temperature imaging sequence, such as using referenceless thermometry [38] . Additionally, direct comparison of the maps would be more difficult.
Future experiments are needed to further examine the tissue electrical property changes at 64 MHz in comparison to 460 kHz. Tissue properties during RF ablation at 64 MHz can be expected to fall between typical RF ablation at 460 kHz and microwave ablation at 915 MHz or 2.45 GHz [55] . Tissue impedance at 460 kHz undergoes a steep impedance rise when temperatures reach 100 as tissue vaporization prohibits electrical contact, limiting the ablation [52] . Microwave ablation has been shown to create larger ablation lesions than RFA because displacement current progressively dominates over conduction current as the frequency transitions to the microwave regime, allowing higher temperatures while still effectively ablating [56] . Future 64 MHz RFA experiments should investigate the tissue electrical properties at higher temperatures to evaluate the effect of temperatures near 100 on the impedance. Additional experiments could be done to directly measure tissue conductivity and permittivity at 64 MHz for a variety of temperatures rather than relying on impedance measurements from ablation electrodes. Alternatively, electrical properties tomography [57] could be used to directly visualize the electrical properties at 64 MHz at various temperatures.
V. CONCLUSION
We have demonstrated that RF ablation at 64 MHz is feasible and can be well integrated with 1.5T MRI. MRI guidance of RF ablation provides good tumor visualization and allows imaging of the temperature distribution. If the ablation is performed at the Larmor frequency, RF field mapping provides new information about the location of the ablation currents, showing changing current pathways due to the ablation process. Adding knowledge of the field patterns could improve the effectiveness of RFA, particularly for large ablations where the treatment process is longer and will create varied tissue changes.
